Introduction
Bioelectrodes are an integral component for the delivery of charge and recording of neural activity in a number of neuroprosthetic devices. Electrodes are conventionally fabricated from platinum, platinum alloys and gold. Surface modification of metallic electrodes has been extensively studied with a view to increasing the integration of biological tissue and minimizing foreign body encapsulation at the electrode interface [1] [2] [3] [4] [5] . In addition, improved communication between synthetic and biological systems will allow medical devices to perform more efficiently by permitting the use of smaller charges to elicit a neural response [6] [7] [8] [9] .
Conducting polymers (CPs) have enormous potential for providing a more conducive environment for cell integration [10] [11] [12] [13] . CPs exhibit improved impedance characteristics and provide a softer mechanical interface when compared to conventional metal electrodes [1, [13] [14] [15] [16] [17] . CPs have an intrinsically unstable conjugated backbone, which when doped with appropriate ions can be used to pass both electronic and ionic charges. Although a number of CP systems have been investigated for use as bioelectrode coatings, studies by Abidian et al [7] and Richardson et al [6, 18] have indicated that the benefits provided by the CP coating following implantation are not maintained in the long-term. In vivo studies have shown that CPs provide low impedance with minimal bilayer capacitance, but as fibrosis proceeds, the growth of non-conductive scar tissue dominates [7, 19] . It is proposed that the provision of appropriate biological molecules will promote the formation of a stable interface prior to the growth of scar tissue.
Several research groups have explored the functionalization of CPs with biological molecules, specifically growth factors [2, 18, 20, 21] , cell adhesion proteins [1, 10, 22, 23] and anti-inflammatory drugs [3, 24] . Although bioactivity has been successfully imparted to a variety of CPs, Green et al [1, 2] reported that large peptides and growth factors significantly disrupt the mechanical stability and long-term electrochemical performance of bioactive CP coatings. Additionally, the concentration of the biomolecules that can be incorporated is limited. This [49] [50] [51] in turn reduces the amount of biological signal which can be presented or released from CP matrices. Thus CPs alone may not be sufficient to create a long-term stable interface between synthetic implant devices and neural tissue. More recently, design and development of CP-hydrogel blends have been proposed as an approach to overcoming some of the limitations that CPs used alone may present [3, [25] [26] [27] [28] . The underlying premise of this approach is that hydrogels may act to modulate and improve mechanical properties, as well as provide a low-fouling surface and a depot for water soluble, bioactive agents. Hydrogels are fabricated from hydrophilic polymer chains via chemical or physical crosslinking processes that convert the soluble polymer chains into insoluble polymer networks. Due to their high water content, mechanical properties of hydrogels often closely match those of biological tissues. Hydrogels have been traditionally used for a range of soft tissue replacement applications such as contact lenses, drug delivery vehicles, separation membranes and adhesives [29] [30] [31] [32] . Table 1 lists representative natural and synthetic polymers used in medical devices. Where available, the mechanical properties of these are also shown, revealing their similarity to biological tissue.
Another feature of these hydrophilic polymers is their ability to resist protein deposition and thus act as anti-fouling or anti-fibrotic materials [52, 53] . In neural interfacing applications such as deep brain stimulation, alginate hydrogels have been proposed as materials providing a better mechanical match for neural tissue and potentially capable of modulating fibrotic responses [54] . As a result of their high water content, hydrogels also have excellent diffusive properties. They are commonly used in drug delivery applications, and have been proposed as a means of releasing neurotrophins in neural stimulating electrodes [55] . The release of other growth factors, proteins or drugs could be used to discourage fibrous encapsulation and encourage the growth of neural cells into the implant [56, 57] .
It has been proposed that copolymer biomaterials with the benefits of both CPs and hydrogels can meet the essential design requirements of an ideal neural interface [58] . The copolymer must pass charge from a metallic electrode to neural tissue, be soft and flexible, mechanically match electrodes and neural tissue and promote and maintain neural cell integration to the electrode site via biomolecule incorporation. A major challenge is in fabricating a structure that can meet these critical design criteria.
Fabrication routes for CP-hydrogels
Despite both materials being polymers, CPs are usually produced via very different fabrication routes to hydrogels. In order to produce a material with the required physicochemical and biological properties the fabrication routes of both components must be considered.
Conventional CP fabrication
Conducting polymers have an inherently unstable backbone, resulting from the formation of alternate single and double bonds along the monomer units during polymerization. The delocalized pi-bonding electrons, produced across the conjugated backbone, provide an electrical pathway for mobile charge carriers which are introduced through doping. Consequently, the electronic properties, as well as many other physicochemical properties, are determined by the structure of the polymer backbone and the nature and the concentration of the dopant ion. Figure 1 shows the chemical structure of the CP polypyrrole as an example of the typical alternating double bond backbone structure. Sci Upon application of an electric potential, CP monomers are commonly oxidized to radical cations and form positively charged CP films with concomitant anionic doping on the working electrode (anode). Such electrodeposition is a facile and reproducible method which provides good control over the surface and biological properties of the films. The thickness and morphology of the film are primarily controlled by the amount of electric charge passed between the counter and working electrodes. Additionally, biofunctionality can be easily imparted to CPs during electrodeposition through the incorporation of biological entities such as silk-like protein fragments (SLPF) [59] , hyaluronic acid (HA) [60, 61] , various laminin peptides [1, 2, 59, 62] , enzymes [28, [63] [64] [65] [66] , polymeric amino acids [67, 68] , growth factors [2, 11, 69, 70] and whole cells [71] . Electrodeposition is the most commonly used method for coating conventional metallic bioelectrodes. However, this technique offers limited control over the chain structure of the resulting polymers. Electrodeposited CPs are substantially insoluble owing to the random chain structure, and thus cannot be melt processed and are difficult to post-process.
Conversely, chemical synthesis allows mass production of tailored CPs with improved processability but these CPs lack the simplicity and speed of the electrochemical route. In a conventional chemical oxidative coupling process, a monomer solution in an organic solvent is slowly added to a flask filled with an organic solution of mild Lewis acid catalysts under inert gas. Typical catalysts used are ferric chloride, iron(III) sulfate or cupric chloride. The mixture of precursor and oxidant is then stirred for several hours to promote polymerization. Following polymerization, multi-step purification processes must be performed, such as soxhlet extraction, to remove residual oligomers and oxidants. The doping species of chemically synthesized CPs are generally limited to the small anions, such as chloride and sulphate, associated with the oxidant. Chemically synthesized CPs often have lower electrical conductivity than electrodeposited CPs and thus require dedoping and redoping processes to increase conductivity. Many alternate routes exist for chemical synthesis of CPs and are discussed in detail by Poole-Warren et al [72] .
Conjugated aliphatics, including polyacetylene, and benzene derivatives such as polyaniline (PANI), have been largely ruled out for biomedical applications due to their oxidative degradation in air and the cytotoxic nature of their by-products, respectively. Although recent research has shown that the emeraldine salt of PANI (EPANI) can be successfully fabricated in a biocompatible form [73, 74] , modern biomedical CPs are typically composed of heterocyclic aromatics, such as derivatives of thiophene and pyrrole [75] [76] [77] [78] . Specifically, poly(3,4-ethylenedioxythiophene) (PEDOT) and polypyrrole (PPy) have been widely studied for their superior environmental and electrochemical stability [79] [80] [81] [82] . Figure 2 shows the chemical structure of various thiophene derivatives including EDOT, EDOT-MeOH and 3-alkylthiophene.
Conventional hydrogel fabrication
Hydrogels, by definition, are water insoluble networks. There are many methods to form these insoluble networks, and these methods can be broken down into physical and chemical pathways. Physical crosslinking of hydrogels is generally achieved via hydrogen bonding, ionic or hydrophobic interactions, or inducing crystallinity. These types of crosslinking methods are often achievable in mild conditions and reversible. Alginate is a classic example of a hydrogel that is formed via ionic interactions. Alginate is made up of mannuronic and glucuronic acid residues that readily interact with calcium ions to form a crosslinked hydrogel [83] . Dextran hydrogels can form crosslinked hydrogels in a concentrated solution, and this formation has been reported to be due to crystallization from hydrogen bonding [84] . One example of a crystalline crosslinked polymer is freeze-thawed poly(vinyl alcohol) (PVA). By controlling the number of cycles of heating and freezing, the amount of crystalline regions that are formed within the PVA can be tailored [85] . Another common method of physically forming hydrogels is through hydrophobic interactions. In most of these cases, the polymer molecules are designed to have at least one hydrophilic and one hydrophobic block. The hydrophobic blocks then self assemble in an aqueous solution to form micelles. Many different chemistries have been used to make these types of polymers [86, 87] .
For most biomedical applications, chemically crosslinked gels are more relevant. Chemical crosslinking of hydrogels is commonly researched and has been described in detail in several reviews [88] [89] [90] [91] . Briefly, chemical crosslinking can be achieved through free radical, condensation, click chemistry or Michael-type addition polymerization. Free radical polymerization involves the generation of radicals through the addition of an initiator and either heat, light or reductive/oxidative chemicals. These radicals then attack an unsaturated bond in the macromer chain. The addition of unsaturations into polymer chains is commonly achieved through the functionalization of the polymers with (meth)acrylates and (meth)acrylamides [92] [93] [94] [95] [96] . Free radical polymerization of hydrogels is particularly attractive for many biomedical applications as it can generally be carried out in relatively mild conditions. The polymerization can be done with a wide range of macromers in aqueous solution or in bulk, at room or body temperature, and only very small amounts of the initiator species are required. The major drawback is that the polymerization is random and uncontrolled, as compared to some of the other techniques listed below.
Condensation polymerization and click chemistry involve two complementary chemical species that readily react in the presence of each other, such as amine-carboxylic acid, aldehyde-hydrazide or isocyanate-OH/NH. The reactive chemical species can either be small crosslinking molecules, e.g., glutaraldehyde [58, 92] , or attached to a polymer backbone, e.g. polyaldehydes [97] . In these reactions, the amount and the molecular weight of reactive groups have a strong effect on the overall crosslinking density and network properties. When small crosslinking molecules are used, or when these reactions are carried out in organic solvents to limit cross reactions with water, the resulting hydrogels must undergo stringent cleaning processes to ensure any toxic or unreacted molecules are completely removed from the system. This often limits their biomedical applicability to areas where the gels can be pre-formed, cleaned and used at a later time [89] .
Controlled polymerizations are very popular methods to make polymer chains, grafts, brushes and star polymers, and have the advantage of generating well defined and mono-disperse polymer chains. One of these methods that is particularly useful in generating crosslinked networks is Michael and Michael-type addition reactions [91, 98] . These reactions generally have good specificity and rate, and can be carried out in mild conditions. The most common Michael-type polymerizations are thiol-ene reactions [98, 99] . While Michael-type addition does result in a controlled network architecture, it suffers from problems with side reactions and incomplete conversion of the functional groups.
All methods mentioned above have their benefits and drawbacks, and the choice of which method to use for network formation for a particular application is highly variable and often depends on the final application. In all the above methods, the polymer chains are chemically bound to one another. In some instances, the hydrogel system is designed to degrade over time, either through the newly formed crosslinks, or the backbone polymer itself. Regardless of whether the system is designed to be non-degradable or degradable, the properties of resulting hydrogel are usually dependant on how the crosslinking was achieved, the extent and efficiency of the crosslinking procedure, and the chemistry of the polymer chains themselves.
In addition, while the chemical crosslinks are the predominant feature of the hydrogels, many hydrogels also have a degree of physical crosslinking. The polymers used are often long chain polymers, and there may be hydrogen bonding, hydrophobic interactions of attached side groups, or entanglement of the chains. All these interactions result in additional crosslinking and affect the overall structure and properties of the gel. However, they are generally present to a much lower extent and are extremely difficult to quantify within the already chemically crosslinked systems. The standard methods for estimating the mesh size of hydrogels rely on swelling and mechanical properties (see below). However, given that these are indirect methods, all crosslinks including both physical and chemical crosslinks are considered using these methods and an average crosslink density of the system is obtained. In general, the degree of crosslinking and the space between crosslinks is one of the biggest determinants of the final network properties.
Routes for producing CP-Hydrogels
A number of routes have been proposed for fabricating materials that incorporate both CPs and hydrogels. Most of these materials have been produced as combinations of two separate phases created by each component. Three categories of CP-hydrogels can be defined by their fabrication route and are depicted in figure 3:
A. Templated CP-hydrogels. B. CPs deposited within a hydrogel matrix. C. CP-hydrogels formed from mixed precursors-either simultaneously or in a two-step process.
The properties of these CP-hydrogels are strongly dependent on the concentration and structure of the CP within the hydrogel. Several combinations of CPs and hydrogels have been formed via these routes and a summary of the copolymers is presented in table 2.
The electronic properties of CPs generally improve with increasing surface area. While bioelectrode applications demand high surface area of CP films, the poor processability of CPs precludes the use of conventional post-process techniques. Fabrication using a micro or nanostructured template can significantly increase the surface area of the CP, thus overcoming these limitations. CPs polymerized within the confined area of a nanostructured template can provide control over the structure and morphology. Nanostructured hydrogels could potentially be used as templates to synthesize CP-hydrogels with specific structures (category A, figure 3 ). As an illustration of this approach using a degradable polymer rather than a hydrogel, Abidian et al [3, 4, 7, 25, 118 ] electrodeposited 100 to 600 nm diameter CP nanofibrils by using electrospun poly(L-lactic acid) (PLLA) and poly(lactic-co-glycolic acid) (PLGA) nanofibres as a template. Either PEDOT or PPy was directly electrodeposited on the gold neural probe coated with the electrospun polymers. The polymer templates were then either removed by soaking the structure in dichloromethane leaving CP nanotubes on the neural probe or degraded for additional controlled drug release functions.
The most common method for forming a CP-hydrogel is polymerization of conducting polymers through preformed hydrogel matrices (category B, figure 3 ). Absorbent hydrogels are formed and dried on a substrate and then reswelled in a CP monomer solution. The CP is polymerized via An alternative, less common method reported in literature is the fabrication of CP-hydrogel from mixed precursors (category C, figure 3 ). In this method, the hydrogel and CP precursors are placed in the same vessel where they are polymerized concurrently [115] . In this study, the CP precursor (aniline), hydrogel precursor (acrylamide) and a hydrogel crosslinker (N,N-methylene bisacrylamide NMBA) were all dissolved in an acidic solution. Then, the oxidant potassium peroxysulfate was added to the mixed solution to polymerize the CP and crosslink the hydrogel.
In some cases, a combination of two fabrication routes has been used to produce interpenetrating networks of nanostructured CP-hydrogels. Ismail et al have fabricated fibrous networks of PANI with PVA and chitosan hydrogels for artificial muscle applications [101, 119] . Aqueous solutions of PVA and chitosan hydrogel were electrospun and wetspun, respectively, to form entangled networks of nanofibres. The resulting fibrillar networks were then reacted with methanol and glutaraldehyde, respectively, to dehydrate the structures. PANI was then chemically synthesized throughout the hydrogel network by swelling the hydrogel in an aniline/HCl solution, followed by exposure to a chemical oxidant solution of ammonium persulfate. The resulting fibrous PANI/PVA gels were mechanically rolled-up to form multilayered cylindrical structures.
Material properties of CP-hydrogels
Selection of an appropriate material for a biomedical application involves consideration of the physical, chemical and biological properties appropriate for the end-use. For such applications as medical electrodes, electrical properties are clearly an important consideration, and the most appropriate solution is often the selection of a combination of two or more different materials. There are many methods of assessing physical properties of a particular material, but not all methods can be employed with equal success across all material types. When CPs and hydrogels are combined, the issue arises as to how to assess and characterize the resulting material which can have very different properties to the individual component polymers. CPs and hydrogels have very different methods for testing their various properties, and converting these techniques for use in the CP-hydrogel is often problematic. In addition, the impact of both the component polymers and the fabrication technique must be assessed across each property. In the end, the critical design criteria for evaluation are physical properties including surface topography, mechanical, electrical and biological properties.
Surface topography
Increased electrode surface area mediates more efficient charge transfer between the biological tissue and synthetic device [120] . Surface roughness is also known to enhance cell adhesion and tissue integration [121, 122] . Electrodeposited CPs typically display very rough surface topography as shown in the PEDOT example shown in figure 4 . Surface topography of CPs can be analysed through scanning electron microscopy (SEM); however, the addition of the hydrogel component limits the effectiveness of this analytical method. Since SEM can only be used on samples with a low water content, hydrogels must be dried prior to observation, and the resulting artefacts alter their surface morphology. Despite this, many groups perform SEM on CP-hydrogels. For systems with overlying CP coatings and templates, SEM can provide useful information on the CP feature sizes [3, 118] . However, an analysis which provides for effective quantification of surface features in the hydrated state will provide more useful information on the material characteristics expected for the implanted material.
Two alternatives for quantifying surface morphology are profilometry and atomic force microscopy (AFM). While profilometry yields quantitative data on surface roughness, conventional stylus profilometry is damaging to both CPs and hydrogels. An ideal surface analytical technique is likely to be found in optical profilometry which can be performed on hydrated substrates with no contact. Additionally, interferometers used for optical profiling allow visualization of CP structures below the hydrogel surface to be visualized.
AFM has been effectively used for quantifying surface roughness and mechanics of CP films on electrodes [123] . Xiao et al obtained AFM images of cells cultured on CP coated electrodes and were able to determine the cell adhesion properties of PEDOT compared to bare gold by dragging the AFM tip across the cell bodies [123] . When applied to CP-hydrogels and performed in the hydrated state, this analysis is likely to yield visual qualification of surface topography, quantification of surface roughness and possible data on cell adherence. Although topography is a key factor in electrical and biological function of electrode coatings, there will be challenges in accurately measuring the surface features of CP-hydrogel combinations given the dissimilar properties of the two materials.
Physical and mechanical characterization
Due to the high water content, hydrogels are generally characterized as relatively low strength and low modulus materials. Some of the more commonly employed methods to assess physical and mechanical properties of hydrogels are examination of swelling behaviour, the equilibrium water content, tensile and compressive strength, diffusivity or mesh size and mass loss. Although the same assessment can be applied to CP-hydrogel materials, correction factors may need to be used to account for the different phases.
In many applications, the water content, or the amount of swelling, of the hydrogel is of great importance as it dictates many mechanical and physical properties of the gels. The degree of swelling can be determined by either a volumetric or mass measurement. The volumetric swelling ratio (Q) is calculated from the mass swelling ratio (q = m s /m d ) via:
where m s is the mass of the swollen gel, m d is the mass of the dried gel, ρ polymer is the polymer density, ρ solvent is the density of the buffer solution. However, combined CP-hydrogel systems may experience difficulties or errors in calculation of this value as the relative amount of each phase is not known and thus the dry mass and overall 'polymer density' cannot be split into the CP and hydrogel components. One way to overcome this issue is to use simple evaluation of water uptake or water content in the CP-hydrogel. The swollen and dry weights of the sample were compared by Dai et al [106] and Aouada et al [116] . While this does provide a water content value, it does not allow for more sophisticated calculations, such as mesh size. The mechanical properties of hydrogels are often hard to accurately measure owing to their low strength, smooth and lubricious surfaces and propensity for defects, such as small air bubbles. Several researchers overcome some of these issues by first drying their hydrogels and testing them in the dry state. However, this is often an unrealistic measure if the hydrogels are intended for use in a wet environment. Compressive modulus of the hydrogels is relatively easy to measure, although since these materials are made up of predominately water, which is an incompressible fluid, the results are only a relative indication of modulus [92] . Much progress has been made in tensile testing of hydrated gels. Sand paper and other rough surfaces have been used to improve the grip strength on the hydrogels [35] , while hydrating baths are also used to prevent the drying of the samples during the test. Both of these modifications have improved the accuracy of the data that can be obtained from hydrated gels. However, obtaining these same measurements on the CP-hydrogel polymers is often problematic. Generally, only small amounts or thin films of the co-polymer materials can be produced, which do not have appropriate shapes for mechanical testing. In many cases, the CP is also formed on an underlying conducting substrate or electrode. Thus the CP-hydrogel may not be easily removed from this substrate without major disruptions to the material. In addition, testing cannot be done with CP-hydrogel still attached to the substrate, as substrate is often much stronger than the polymer coating and the results are then skewed towards the substrate properties.
Because hydrogels are completely filled with water, the 'pores' or mesh size cannot be simply visualized with SEM or other techniques that are used for solid materials. Instead, other approaches are used that allow calculation of mesh size or of an average molecular weight between crosslinks (M c ).
Mesh size may be estimated via evaluating permeability and diffusion using a range of solutes; however, swelling and mechanics are often used as simple tools to estimate the network structure and M c of a hydrogel. Peppas and Merill derived an equation for a neutral hydrogel in the presence of water that relates M c to the volumetric swelling ratio (Q) [124, 125] ,
Here M n is the number average molecular weight in the absence of any crosslinking; υ the specific volume of the polymer; V 1 the molar volume of the solvent; υ 2,s the equilibrium polymer volume fraction; υ 2,r the polymer volume fraction after crosslinking but before swelling; and χ 1 is the polymer solvent interaction parameter. Because there are two interaction parameters and specific volumes, and the υ 2,s is directly related to the swelling ratio (υ 2,s = 1/Q), the use of this equation will have similar difficulties as those listed above for calculating the swelling ratio. The interaction parameters may also vary significantly in the CP-hydrogel structure as opposed to the homopolymer network, and thus new studies would be needed to obtain correct interaction values. In addition, the calculation of M n in these systems can be problematic. Some CPs can be solubilized and their M n obtained. However, any of the CPs that are electrically deposited are insoluble and thus calculating a M n is extremely difficult. Without these values, the M c cannot be calculated. The second major approach to estimating network structure of hydrogels is via the rubber elasticity theory which can be used to correlate the compressive modulus to network structure via [126, 127] :
Here K is the compressive modulus, v is Poisson's ratio, ρ is the density of the polymer and T is the temperature of the gel. Many values from the modulus equation are used in the swelling equation (M n , density, υ 2,s ) and thus either approach for a CP-hydrogel will have the same drawbacks and limitations.
In both of the M c calculations above, the obtained values are estimates based on several assumptions. M c is a useful measure; it is often used to calculate the mesh size of the network as a direct measurement of the hydrogel mesh size is usually impossible. Also, unless highly controlled polymerization techniques are used, hydrogels generally have a range of mesh sizes due to the variability in the crosslinking efficiency and placement.
It is proposed that the hydrogel component of a CP-hydrogel coating can improve the mechanics of conventional electrodes, minimizing the growth of scar tissue and the impact of strain mismatch which exacerbates foreign body reactions. Mechanical stress and strain of hydrogels are usually assessed by tensile or compression testing, Sci [128] [129] [130] [131] [132] [133] [134] [135] [136] [137] [138] . Recently, micro and nanoindentation have been used to provide data on CP mechanics where the coating is assessed on the metallic substrate [14, 139] . If the material can be delaminated from the substrate or produced as a standalone film, then the CP-hydrogels can be assessed by the standard techniques. However, a very limited number of reports exist on the mechanical properties of CP-hydrogels produced for biomedical applications. Aouada et al [115] . These results clearly demonstrate that the hydrogel component in this system considerably softens the CP and produces an interface suited to dampening the mechanical difference between synthetic electrodes and the surrounding tissue.
Electrical characterization
Variations in CP components including the choice of monomer, dopant and fabrication parameters can greatly affect the electrical performance of an electrode. The most relevant electrical tests for medical electrode applications are cyclic voltammetry and impedance spectrometry which are used to discern the electrochemical activity and frequency dependant impedance behaviour of materials.
Electroactivity of a material is assessed by application of cyclic voltammetry (CV) across reduction and oxidation (redox) cycles. The size of the redox peaks obtained from the CV spectra are indicative of the charge storage capacity of the electrode [12] . In theory, adding non-conducting polymers should have an insulating effect and result in deterioration of the electrical properties. The charge storage densities of CP-hydrogels can be as high as 560 mC cm −2 [105] for PPy/PSS deposited into an alginate matrix. This compares with the value of 186 mC cm −2 for PPy/PSS alone [81] . More complex structures designed for drug delivery, consisting of layered PEDOT nanotubes, coated with alginate and an additional layer of PEDOT, produced electrodes with a charge carrying capacity of 223 mC cm −2 [3] . Drug loading of a PPy and polyacrylamide gel was shown to decrease charge carrying capacity by reducing ion mobility [111] . However, the hydrogel component was shown to increase the charge transfer properties when compared to the drug loaded CP alone. In general, the addition of a hydrogel component has been shown to increase the charge carrying density of CP coated electrodes [3, 27, 111] .
Most CP-hydrogels are reported to have electroactivity upon application of a single cycle of CV where anodic and cathodic peaks are observed. However, several groups stipulate that multiple cycles of CV yields data representative of the long-term electrochemical stability of the proposed electrode materials [1, 2, 81, 82] . As the cycles are repeated, a stable material will have a constant peak size, where a material experiencing degradation of electroactivity will have diminished peak size. Reports by Yamato et al [82] and Cui and Martin [81] have demonstrated that CPs produced from pyrrole suffer from oxidative electrochemical degradation, and by replacing the monomer unit with EDOT, the long-term electroactivity can be increased from 5% of the original activity (for PPy) to 95% (for PEDOT) when cycled over extended periods. However, similar studies have not been carried out on CP-hydrogels. These results clearly highlight the need for assessing long-term electrochemical activity of hydrogels containing CPs.
The impedance of an electrode is vital in determining its performance characteristics in an implantable device for both recording and stimulation applications. Impedance spectroscopy analyses the way in which a material passes charge across a wide range of frequencies. CPs are usually analysed around 1-10 5 Hz, with particular interest in the biologically relevant frequencies between 10 2 and 10 3 Hz [10, 12] . Conventional metal electrodes have higher impedance magnitudes when interfaced with neural tissue than CPs. A typical metal electrode has an impedance approximately two orders of magnitude higher than a PEDOT coated electrode at 1 kHz [105] . This is mainly due to the rough surface topography which increases the available charge transfer area on the electrode. Reports of CPs formed in hydrogel matrices indicate that impedance can be decreased by an additional order of magnitude below that of conventional CP only films [3, 105] . This is thought to be predominantly due to thicker films being grown through the hydrogel, supported by the decrease in impedance correlating with increased CP polymerization time. Other CP-polymer networks designed for increased surface area, such as those comprised of electrospun hydrogels or CP nanotubes, have decreased impedance mediated through the increased charge transfer area [3, 25] . Abidian et al have fabricated PEDOT nanotubes, produced by CP coating PLLA/PLGA nanofibres and have reported a reduction in electrode impedance from 4 M for bare gold, to 1 k for the nanofibres [25] . Removal of the PLGA core further decreased impedance to 800 [25] . Variation in the processing of CP-polymer materials appears to allow designing optimal impedance for implant electrodes.
Biological evaluation
A critical property of any biomaterial is the biological performance. Ideal neural interfacing materials should be designed to promote targeted cell attachment and ingrowth of neural tissue to the electrode interface through release of appropriate biomolecules, such as nerve growth factor [56, 57, 69] . Characterization of the cell response is vital to developing an optimal neural interface material. In vitro characterization of cell responses has been integral to the development of both hydrogels and CPs. Many CPs have demonstrated negligible toxicity across a wide range of cell types and explants, including clonal neural cells [1, 2, 11, 140] , primary neuroblastomas [59] , cardiomyocytes [141] , glial cells [59] and spiral ganglion explants [20] . It has also been shown that CPs provide a more conducive environment for cell attachment and growth than bare metal electrodes [1, 13] , and that CPs loaded with neurotrophins can stimulate neurite growth of target cells [2, 6, 69] . Similarly, many hydrogels have shown in vitro and in vivo compatibility with a wide range of cell types. Although hydrogels characteristically have low protein adsorption and therefore low native cell interactions, many studies have examined addition of biological molecules to promote cell interactions. These include addition of adhesion peptides such as RGD and YIGSR [142] [143] [144] [145] [146] which enhance interactions of specific cell types, polysaccharides such as heparin that are able to present growth factors [147, 148] , and growth factors themselves [149, 150] .
Although several CP-hydrogels have been proposed for biomedical applications, few reports exist on their interactions with cell and tissues. Li et al showed that a PPy-PVA gel attenuated blood protein adsorption and that the surface topography promoted PC12 cell attachment [151] . PANI-gelatine blends have also been assessed for compatibility with rat cardiac myoblasts and were found to promote cell attachment and proliferation to a similar degree as the control tissue culture-treated plastic (TCP) and smooth glass substrates [152] . These assays indicate that CP-hydrogels are likely to be similarly low in toxicity as their component polymers, but further research is required to confirm these results.
In vivo studies are often used to explore the performance of electrode materials in the intended implant scenario and can provide valuable information on the tissue response. An acute in vivo study by Kim et al demonstrated that PEDOT/alginate hydrogels could be used to improve neural recordings from guinea pig cortex [54] . Similarly, Abidian et al implanted PEDOT-PLLA nanotubes in rat cortex and found these results were maintained in chronic applications extending for 7 weeks [118] . However, both studies did not report cell response to materials and hypothesized cell interactions at electrode sites. While it is apparent that CP-hydrogels are promising materials for biomedical applications, significant short-term and long-term in vivo studies including chronic performance of electrodes and the impact on surrounding tissues are required before they can be employed as coatings for medical electrodes.
Future research
Several challenges will be central to eliciting the benefits of hydrogels when used in combination with CPs to improve their mechanical properties and biofunctionality. The main issues include adherence of the CP-hydrogel to the metal electrode substrate, creation of an interpenetrating network without compromising the electrical properties and control of the incorporation and release of biological entities.
Adherence to electrodes
Adherence of surface coatings to electrodes is a major consideration for any electrode modification. Many coating techniques such as platinum black, CPs, multi-walled nanotubes and mixtures of these materials have been limited in their clinical application by poor mechanical adherence. ASTM assays [153] used to determine the adherence of coatings to metallic substrates have shown that conventional CPs can lose up to 51% of their coating when subjected to minor shear forces [154] . With the addition of a biofunctional molecule such as nerve growth factor (NGF), Green et al has reported that delamination of PEDOT from platinum electrodes is significantly increased [1, 2] .
Hydrogels are not naturally adherent to smooth surfaces such as metal and glass, and a mechanically stable interface must be obtained to be beneficial in an implantable electrode. Current methods of electrospinning polymers and deposition of CPs through hydrogels are unlikely to create a stable attachment. In non-implant applications, covalent attachment of organic polymers to metallic surfaces has been shown to increase the mechanical stability of the coating [155, 156] . Alternately layered constructs with electrostatic interactions, such as self-assembled polymers, may also provide an increased adherence to the metallic substrate. When neural probes are coated with CP-hydrogel materials, the entire probe is often covered with the hydrogel component before deposition of the CP component over the electroactive segments, leaving large areas between the electrodes coated with hydrogel only [3] . This fabrication method prevents shearing of the individual electrode sites, preserving the mechanical stability of the CP-hydrogel portions.
The underlying electrode surface can also be integral to producing a stable coating. In medical electrodes with Pt-black or iridium oxide coatings, roughening of the underlying electrode surface is used to mediate increased adhesion between the substrate and coating. Although several methods of producing a stable mechanical coating have been proposed, an optimal solution that can provide attachment of CP-hydrogels to many electrode configurations is an important area of on-going research.
Producing an interpenetrating network
In order to gain the full benefits of combining a CP with a hydrogel, the two polymer systems should be completely integrated and an interpenetrating network (IPN) formed. However, obtaining a full IPN is not always an easy task, especially when trying to combine monomers/polymers that have very different properties. The first step in combining the materials is to ensure that they are miscible within each other. Hydrogels, by definition, are highly hydrophilic polymers, whereas the monomers/polymers that make up CPs can range from hydrophobic to hydrophilic. One example of an attempt to overcome this challenge is where Justin and Guiseppi-Elie copolymerized PPy with 4-(3 -pyrrolyl) butyric acid to improve the hydrophilicity of the PPy [104] . They found that the addition of the butyric acid resulted in more favourable polymerization kinetics and allowed the CP to form a more homogeneous blend with the hydrogel [104] . Sci Another challenge to achieving an IPN relates to how the two types of polymer chains are formed and crosslinked. As discussed, CP-hydrogels have been formed via various routes; however, depending on the timing and technique of each polymerization, the end result is often that the CP forms underneath the hydrogel, or that the CP only occupies part of the hydrogel. Both of these scenarios result in a less than ideal situation, and lack of full integration between the two polymer systems. The problems in formation are usually a result of the nature of the networks (i.e. large mesh sizes) and of the vastly different methods of how the polymer networks are formed. Hydrogels generally have an open structure with large mesh sizes, which is highly advantageous for transport and diffusion. While this is property is helpful when trying to load or swell the CP into the hydrogel network, it also means that when forming the CP network, there is plenty of room for the CP molecules to migrate out of the hydrogel and form a separate network with minimal overlap between the two. In addition, when the CP is formed via electrodeposition, there is a strong tendency of the CP to diffuse directly through the hydrogel (which does not assist in its polymerization) and form directly on the electrode surface.
While many researchers have focused on overcoming this issue, it is still an on-going problem that is a challenge with each new CP-hydrogel system that is studied. Therefore, careful consideration of the initial choice of polymer constituents, and meticulous planning and design of the how the CP-hydrogel is going to be formed is a key to obtaining a full IPN.
Control of biomolecule release
Despite being non-conductive, a significant benefit of a hydrogel component in a CP polymer is the ability of hydrogels to be loaded with biomolecules or drugs. Provision of appropriate biomolecules can be used to achieve a specific tissue response at the implant site, such as cell growth and survival, prevention of infection or reduction of inflammation. The water content of hydrogels allow them to carry much higher concentrations of biomolecules than a typical CPs, and hence stimulate a better biological response. An optimal material will allow controlled release of required biomolecules over the required biological time period.
A number of drug release profiles have been obtained, which demonstrate that CP-hydrogel materials can be used to deliver biomolecules and drugs to tissues [25, 108, 111] . Small et al [111] released calcon (solochrome dark blue, MW = 416.38 Da) from a Polyacrylamide-PPy gel, and Barthus et al demonstrated release of safranin (MW = 350.84 Da) from PPy-polyacrylamide [108] . Both of these studies showed acute release profiles across 250 and 400 min, respectively and it is likely that longer-term profiles would be required for most chronic implants.
Neurotrophins are known to promote growth and survival of neural tissue at the interface of prosthetic devices such as the cochlear implant and bionic eye; however, release of trophic agents is required for as long as possible. Extended periods of delivery are likely to result in greater cell survival and a more stable connection between the synthetic materials and biological tissue. Gillespie et al have shown that release of brain derived neurotrophic factor (BDNF) can rescue diseased spiral ganglion neurons in the deafened cochlea, but cessation of treatment can lead to tissue regression to the diseased state [157] . Shepard et al demonstrated that electrical stimulation can be used to maintain cells following completion of neurotrophin delivery over 28 days [158] . Abidian and Martin hypothesized that dexamethasone incorporated in CP-nanofibres can be released to reduce inflammatory reactions at the site of electrode implantation, but have only published release profiles on the polymer component without the CP [3] . It is important to note that they found only 60% of the dexamethasone was passively released over 5 weeks [3] , indicating that polymer nanofibres may release drugs at a rate compatible for mitigating the initial inflammatory response for chronic implants.
It is important to design biofunctional CP-hydrogels with drug release profiles that are relevant to their clinical application. Selection of various components and design of appropriate structure will be integral to establishing drug release characteristics. The suitability of CP-hydrogels to drug release applications and the effect of different fabrication routes on release profiles require substantial understanding and development prior to implementation.
Conclusions
CP-hydrogel co-polymers are promising biomaterials for neural interfaces. The premise underlying the choice of these two material types as an electrode coating is that the CP will act to carry charge whereas the hydrogel will modulate the mechanical properties and enhance the drug carrying capacity and tissue interfacing of the coatings. Most of the studies conducted to date have either used hydrogel coatings layered on top of CPs or have grown CPs within hydrogels following reswelling of dried gels in a CP precursor solution. The former approach may suffer from poor interlayer adhesion and stress concentration at the interface. The latter approach, although closer to a true interpenetrating network, relies on the adhesion of the hydrogel to the electrode surface which may be problematic. A softer neural interface theoretically reduces the effect of strain mismatch at the interface, minimizing the growth of fibrous scar tissue, and thus improves the longevity of the electrode function. Mechanically, all systems incorporating a hydrogel component produce mechanical properties more closely matched to those of tissue. Although improvements in the fabrication of CP-hydrogels are still necessary to obtain an optimal material for electrode coatings, this approach holds significant promise for addressing the limitations that conducting polymer coatings present.
